We study the effect of pulsatile flow on the transport of red blood cells (RBCs) and platelets into aneurysm geometries with varying dome-to-neck aspect ratios (AR). We use a validated two-dimensional lattice Boltzmann model for blood plasma with a discrete element method for both RBCs and platelets coupled by the immersed boundary method. Flow velocities and vessel diameters were matched with measurements of cerebral perforating arteries and flow was driven by a synthetic heartbeat curve typical for such vessel sizes. We observe a flow regime change as the aspect ratio increases from a momentum-driven regime in the small aspect ratio to a shear-driven regime in the larger aspect ratios. In the small aspect ratio case, we see the development of a re-circulation zone that exhibits a layering of high (greater than or equal to 7 s) and low (less than 7 s) residence cells. In the shear-driven regime, we see high and low residence cells well mixed, with an increasing population of cells that are trapped inside the aneurysm as the aspect ratio increases. In all cases, we observe aneurysms that are platelet-rich and red blood cell-poor when compared with their respective parental vessel populations. Pulsatility also plays a role in the small aspect ratio as we observe a smaller population of older trapped cells along the aneurysm wall in the pulsatile case when compared with a steady flow case. Pulsatility does not have a significant effect in shear-driven regime aspect ratios.
Introduction
Cerebral aneurysms have been estimated to occur in 1-5% of the general population [1] , and the chance for rupture has been estimated to occur in 6-8 per 100 000 people [2] . Thrombosis is one of the body's natural responses to heal damaged vessel walls and has been found to reduce the probability of rupture [3] by occluding the aneurysm sac. Autopsy studies reveal that about 9-13% of intra-cranial aneurysms had a formed thrombus [4] . However, the formation of a thrombus may also have detrimental health effects, i.e. a blood clot breaking off from a formed thrombus to travel downstream to cause an ischaemic stroke. The full mechanism of thrombus formation inside cerebral aneurysms depends on the size and location of the aneurysms, blood flow patterns inside the aneurysm, as well as biochemical factors. Understanding these processes is crucial for treatment procedures for cerebral aneurysms.
Macroscopic computational fluid dynamic (CFD) simulations, where whole blood is represented as a continuous fluid, are a powerful tool for studying blood flow in cerebral aneurysms. They can incorporate patient-specific geometries [5] [6] [7] [8] , study the flow patterns inside an aneurysm [9, 10] and assess the risk of rupture based on location and geometry [11] at a relatively low computational cost. In order to save computational overheads, blood is usually assumed to be an incompressible Newtonian fluid. This has been proved to be a reasonable approximation for flow in large vessels but may not be applicable in aneurysms due to low shear regions where the non-Newtonian behaviour of & 2018 The Author(s) Published by the Royal Society. All rights reserved.
blood becomes important [12] . Continuous fluid simulations, using non-Newtonian viscosity models, have been employed to study haemodynamics in cerebral aneurysms [13] [14] [15] [16] .
The lattice Boltzmann method (LBM) [17, 18] can be applied to study continuous fluid dynamics and historically has been used for CFDs. A prominent continuous LBM model for haemodynamics has been proposed by Ouared & Chopard [19] to model the initiation and growth of a thrombus in a cerebral aneurysm. In this model, below a certain shear rate the probability of adhesion of platelets to an aneurysm wall is high and here a thrombus is likely to form [20, 21] . In this method, platelets are modelled as point particles tracing flow lines as passive scalars [22] , which was able to reproduce the shape and volume of formed thrombi in patient-specific aneurysms [23] . This method also revealed through a cross-sectional study of 21 patients an association between spontaneous thrombosis and aneurysm dome to neck aspect ratio [24] .
Cell-resolved computational models [25] [26] [27] [28] are very useful to blood flow modelling as they can resolve the mechanics of individual red blood cells (RBCs) and the resulting non-Newtonian flow properties of whole blood as a suspension of RBCs. However, these models are computationally expensive and as a result are usually restricted to study systems less than or equal to 150 mm in size and less than or equal to 1 s in time. In this paper, we apply a two-dimensional cellresolved blood flow model to study flow in cerebral aneurysms on the time and spatial scales achievable by continuous CFD models. We provide time-dependent (systolic) cell-resolved blood flow simulations to study the transport of deformable RBCs and quasi-rigid platelets into, and emerging flow properties of, two-dimensional saccular aneurysms. Here, we focus on flow proprieties and cell locations inside the aneurysms, as we can resolve the non-Newtonian behaviour of whole blood as a result of the suspension of deformable RBCs. We extend upon a previous work of two-dimensional cell-resolved simulations of sidewall aneurysms [29] by providing pulsatile flow and cell residence times. We also extend the physical simulated time from 0.2 s to 7.7 s, and the vessel diameter from 100 mm to 260 mm and the aneurysm diameter from 250 mm to 800 mm. To our knowledge, this is the first cellresolved study to include a full heart pulse, here we simulate 10 heart cycles in total. Residence times are computed at each time step for each cell allowing us to locate where and how long cells spend in the aneurysms.
In §2, we describe the blood flow model used, the geometries, the boundary conditions, the initializations of RBCs and platelets in the domains, and the computational resources used. In §3, we show the results of our simulations; the emerging flow patterns in the aneurysms, the cell populations in the aneurysms under both pulsatile and steady flow, as well as the locations and age of the cells in the aneurysms. In §4, we provide conclusions and a discussion of our findings.
Methods
We use a validated [30] two-dimensional cell-resolved LBM for the blood plasma with a discrete element method (DEM) for both RBCs and platelets which is connected to the plasma via the immersed boundary method [31] . The material model for the RBCs consists of 26 Lagrangian surface points (LSP) where each LSP is connected together through a force network. The DEM force network is a superposition of a Hookean spring force connecting neighbouring LSPs, a bending force to add bending resistance to the springs, an area conservation force to ensure that cells maintain their shape, and a repulsion force to mitigate cell-cell interactions which prevents cells membranes from overlapping. The resulting equilibrium shape from the DEM model is a biconcave RBC that is 8 mm in diameter. Semi-rigid platelets consist of eight LSPs that result in a disc shape with a diameter 2 mm. Lattice Boltzmann fluid nodes have a spatial resolution of dx ¼ 1 mm which sufficiently resolves the rheology of the suspension of RBCs. Details of the revalidation of this model are shown in appendix A.1.
Domain geometry
Saccular aneurysms generally appear on the sidewall of a curved vessel or at a bifurcation point [32] . Aneurysms with larger neck sizes have been found to be exposed to higher shear stresses than those with smaller necks [33] . And aneurysms with a dome-to-neck aspect ratio greater than 1.6 have been correlated with a greater risk of rupture [34] . A sidewall aneurysm with no branching vessels is a simple geometry that we can probe in two dimensions that will allows us to isolate the effects of aspect ratio. Dome-to-neck aspect ratio is measured as the height of the dome over the width of the neck of the aneurysm.
The height of the dome is measured from the aneurysm wall opposite to the neck to the entrance of the neck (figure 1a). We place sidewall saccular cerebral aneurysms on the edge of a 908 curved vessel and probe varying aneurysm dome-to-neck aspect ratios of 1, 2, 3 and 4. Parental vessels are 260 mm in diameter with aneurysms diameters of approximately 800 mm.
Boundary conditions
A schematic of the computational domain is shown in figure 1a , highlighting the boundary conditions employed. We adopt the inlet-outlet boundary conditions of [35] , where the macroscopic velocity from the periodic 'pre-inlet' domain is copied to the first row of the lattice Boltzmann fluid nodes of the flow domain with the help of the Zou-He [36] boundary condition. Flow in the periodic domain is driven via a time-varying body forceF(t) which is directly applied to the lattice Boltzmann fluid cells [18] . This is a valid approximation because the time steps are much smaller than the timescale on which the pulse wave changes. The proximity of the inlet and outlet boundary conditions can perturb the flow present in the aneurysm geometry [13, 37, 38] . As we use a periodic pre-inlet domain, the inlet boundary condition can be seen as significantly far away from the aneurysm entrance and therefore does not introduce potentially perturbing flow into the aneurysm geometry. The outlet is located 460 mm after the aneurysm neck. We prescribe a constant density at the outlet and observe that there is no significant change in the velocity profile near the outlet. This is in agreement with a previous study finding that the outflow condition only has a localized effect on the flow pattern [38] . We estimate that the outlet implementation has a significant effect on the flow profile up to 30 mm from the outlet. Additionally, the Reynolds numbers in this study range from 33 at systole and eight at diastole which are relatively low and therefore flow within the parental vessel is laminar.
Fluid -structure interaction simulations have shown that including the elasticity of the arterial walls does effect the flow dynamics, especially in larger arteries like the aorta [39 -41] . Vessel deformability is out of the scope of this study; therefore, we assume that vessel walls in our simulations are rigid. Vessels of the sizes considered in this study are much less compliant than in larger arteries [42, 43] , and therefore we believe this a reasonable modelling choice. We prescribe a bounce-back boundary condition at the vessel wall.
The simulations presented in this paper run for approximately 8 s in real time, which is O ( 10 7 ) lattice Boltzmann time steps. With such long run times, we rely on these inlet -outlet boundary conditions as the cell distributions of the parental vessel will change if only using periodic boundary conditions. With this method, cells are copied from the periodic domain to the flow domain as they wrap around the periodic domain, and are deleted at the outlet of the flow domain. This allows us to properly populate the flow domain with an endless supply of cells from the periodic domain.
Pulse wave
We tested the accuracy of these boundary conditions by driving the periodic domain with a sinusoidal time varying body force and compared the resulting flow profile recovered from the flow domain with the theoretical flow profile predicted by Womersley [44] . In this test, the fluid is continuous (without cells) with a dynamic plasma viscosity of m ¼ 1.29 mPa and is driven in a straight pipe, so we can isolate the effect of the boundary conditions to compare to the Womersley solution. The Reynolds number of such a flow is Re ¼ 15.38 with a heart rate of 1 beat per second which results in a Womersley number of a ¼ 0.4. We find a relative error between theory and computed flow profiles of less than or equal to 0.1% over five heart cycles. This is in good agreement with a previous study of pulsatile flow in two dimensions using the LBM which reports a relative error of 0.85%, using periodic boundary conditions [45] . We anticipate that our error is smaller as we drive the flow with lower Reynolds and Womersley numbers.
Systolic flow in the aneurysm geometries is driven by a timedependent body force, applied to the pre-inlet domain, resulting from a synthetic pulse wave signal [8] that has similar properties to a cardiac pulse wave found in real cerebral aneurysms. The computed mean parental vessel velocity was set to match the mean flow velocities measured in cerebral perforating arteries of similar sizes [46] . The computed mean parental vessel velocity, resulting from the synthetic pulse wave, in each of the geometries has an average over all heart beats of 7.81 + 0.06 cm s
21
, with an average peak of 15.7 + 0.2 cm s 21 at systole, and an average minimum of 4.67 + 0.09 cm s 21 at diastole. The mean parental velocity is computed by averaging all velocities within a crosssection across the width the parental vessel. Shown in figure 1b is the computed mean velocity of the parental vessel over two heart cycles for all aspect ratios. The system reaches an equilibrium velocity state within the first pulse. The initial transients of the system vanish within the first pulse.
Initial conditions
We populated the flow domains with either an initial state filled with both RBCs and platelets or empty with only LBM fluid nodes. In the filled case, the entire domain, pre-inlet and flow domain, is populated uniformly with cells. In the empty case, only the pre-inlet domain is populated uniformly with cells which are then washed into the flow domain as the simulation progresses. Each geometry was populated to an initial tube haematocrit of 42%, which represents normal adult male physiological values [47] . Following the empirical relationship between the tube diameter and tube haematocrit, this corresponds to a discharge or tank haematocrit of 43%. The higher haematocrit of an adult male was chosen as we can simulate higher haematocrits in two dimensions efficiently. We initialize with a platelet to RBC count ratio of 1 10 [48] which results in a platelet volume fraction of C plt ¼ 0.0021 in the parental vessel. We define the platelet volume fraction C plt as the volume fraction of platelets measured at a specific locationC plt normalized to the arithmetic mean of the parental vessel platelet volume fraction C plt , i.e. C plt ¼C plt = C plt . The two initializations of the flow domain present different aneurysm velocities, see figure 2, and aneurysm cell volume fractions (figure 3). Further details of the initializations are discussed in §3.
Results

Empty initialization
In figure 3 , we observe in aspect ratio 1 (AR1) that the system is filled within the first heart beat and reaches an quasi-equilibrium haematocrit state of 0.34 + 0.003. Heat maps of the cell volume fractions are shown over the last heart beat in the left column of figure 4. As the aspect ratio increases (AR2, AR3, AR4), we observe a shear-driven regime where flow in the aneurysm is sheared at the neck which creates a circular flow inside aneurysm. Haematocrits of these geometries do not reach an equilibrium value during the simulation time. Final haematocrits, reported in table 1, are significantly lower than the parental vessel haematocrits. Flow of cells into these geometries is qualitatively similar to observations made in in vitro experiments of spherical sidewall aneurysms [49] . 
Filled initialization
In the filled initialization, we observe similar flow regimes as in the empty initialization. AR1 is momentum driven and reaches an equilibrium haematocrit of 0.35 + 0.03 within the first pulse. While in the AR2, AR3 and AR4 geometries are shear driven and do not seem to reach an equilibrium haematocrit after 10 pulses. This is highlighted in the time series of the aneurysm haematocrits, shown in figure 3a, of AR2 (red dot dashed line), AR3 ( purple dashed line) and AR4 (blue dotted line). Haematocrits in all aspect ratios are less than the parental vessel haematocrits. We observe a high haematocrit old cell population that increases along the aneurysm wall as aspect ratio increases (figure 4). Velocities in the aneurysms of the filled initialization exhibit lower velocities compared to the empty case, shown in figure 2, which are averaged over the final nine pulses. Aneurysms velocity values with the filled initialization are 0.085 cm s 21 in AR1, 0.035 cm s 21 in AR2, 0.019 cm s 21 in AR3 and 0.012 cm s 21 in AR4. We attribute the decrease in velocity to an increase in the suspension viscosity in the aneurysms due to a larger population of cells in the filled initialization. The effect is present in the peak, mean and minimum of each pulse, which is displayed in figure 2 . In both initializations, aneurysm haematocrits are depleted and platelet volume fractions are enriched compared to their parental vessel populations. This is evident across all aspect ratios. This is interestingly also evident in the recirculation zone of AR1, where the recirculation zone is depleted of red blood cells and enriched with platelets. We extended the AR2 empty simulation to 16.5 s, to investigate if the system would reach an equilibrium aneurysm haematocrit. We observe that the total haematocrit follows an inverse exponential growth / exp À2:17 and reaches a haematocrit of 0.25 at 16.5 s (approx. 21 heart cycles). This slow growth of haematocrit can be attributed to the diffusive nature of RBCs towards the centre. This diffusion of RBCs slows down closer towards the centre as shear rates decrease from the aneurysm wall to the centre of the aneurysm sac.
Effect of aspect ratio
We observe that the average aneurysm velocity decreases as the aspect ratio increases, as shown in figure 2 . This effect is apparent across all aspect ratios and initializations. There is also a two orders of magnitude velocity decrease inside the aneurysm compared to the parental vessel. As an example in AR1, we observe a mean flow velocity over an entire heart cycle of 7.8 cm s
21
, compared to an average velocity of 0.068 cm s 21 inside the aneurysm.
We find a flow regime change from momentum driven in AR1 to a shear-driven regime in AR2, AR3 and AR4. Flow stream lines over one heart cycle are shown in figure 5 , for both momentum (AR1) and shear-driven (AR3) regimes. In the AR1 case, we see a re-circulation zone that is sustained over an entire heart cycle, see the second row of figure 5 . The location of the vortex varies through one heart cycle, and in some instances sub-vortices also develop along the recirculation zone. We also find regions of flow reversal along the wall, but it should be noted the magnitude of these velocities is very small and occurs in high haematocrit regions. In the shear-driven regime, we do not observe any recirculation zone or subvortices. There exists one constant vortex throughout the entire heart cycle that keeps a constant position.
Over all aspect ratios, we observe that the aneurysms are red blood cell-poor and platelet-rich with respect to each cells vessel volume fraction. This is shown as a time series in figure 3 and in the heat maps in figure 4 , with the specific end state values reported in table 1. We attribute the richness of platelets in the aneurysms to platelet margination observed in our simulations, shown in figure 8c. Margination of platelets has been observed in multiple in vitro studies [50, 51] and in other two-dimensional simulations of cell-resolved blood flow [29, 35, 52] . Platelets are already at higher volume fraction at the vessel wall before they encounter the entrance of the aneurysm, so they preferentially enter the sac. The depletion of RBCs in the aneurysm we attribute to the existence of a cell free layer, shown in figure 8b, in the parental vessel. The cell free layer restrains RBCs from being washed into the aneurysm as there is a lacking of RBCs along the vessel wall before the entrance of the aneurysm.
We observe an increase in high resident cells as aspect ratio increases, with a large step increase going from the momentum to the shear-driven regime. This effect is highlighted in figure 6 where we show the ratio of high residence cells (residence times greater than or equal to 7 s denoted N old ) to the total number of cells present (denoted N) in the aneurysms over all aspect ratios and initializations. The percentage of cells with residence times greater than or equal to 7 s is 2.3% in AR1, 61.5% in AR2, 74.8% in AR3, and 83.4% in AR4. We attribute the large step increase from AR1 to AR2 to a change in flow regime present in the aneurysms. In AR1, we observe a momentum-driven regime which washes out high resident cells with each pulse, whereas the shear-driven regimes of AR2, AR3 and AR4 show no significant washing out of high resident cells. This effect is independent of initialization, highlighted by the inset bar plot in figure 6 , and is evident for both RBCs and platelets.
The AR1 case exhibits a layering of high and low residence cells of both RBCs and platelets within the recirculation zone, shown in the third and fourth rows of figure 5 . We observe with each heart cycle a layer of new cells that is injected into the recirculation zone and a population of high residence cells that are washed out. In the shear-driven case, cells with large residence times are well mixed in the aneurysm with no clear layering, with a tendency of moving towards the centre of the sac as they age. An example is shown from AR3 in the bottom two rows of figure 5.
Effect of pulsatility
We compared pulsatile flow to steady flow by rerunning all experiments with a steady Poiseuille flow profile with a mean parental velocity of 7.8 cm s
21
. This matches the mean parental velocity that is averaged over all heart cycles during the pulsatile simulations. In the steady flow cases, we observe all of the same results as we did with the pulsatile case: the same flow regimes in all aspect ratios, the same increasing trend of high resident cells with increasing aspect ratio. However, we do see that steady flow yields a larger high resident population in the the AR1 geometry compared to pulsatile flow ( figure  7 ). This is true for both RBCs and platelets. This effect is not significant for the shear driven regime, i.e. AR2, AR3 and AR4. The variation in velocity through a heart cycle inside the aneurysm of the pulsatile case may lead to increased washing out of high resident cells from the aneurysm and therefore smaller trapped cell populations are produced. We do not see multiple vertices develop in the shear-driven steady flow case, and do not see clear influence of pulsatile flow.
Discussion
In this study, we examined the effect of pulsatility and aspect ratio on the transport of RBCs and platelets into simple twodimensional sidewall saccular aneurysms. We find that both RBCs and platelets become increasingly trapped as the aspect ratio increases with a large jump of trapped cells going from the aspect ratio 1-2. We attribute this large jump to a flow regime change from momentum driven with an inflow jet breakdown inside the aneurysm geometry to a shear regime where there is a continuous inflow jet. This jump in trapped cells over aspect ratio is similar to the findings of a percentage of clotted aneurysm volume from [24] . In this study, the jump is later in the aspect ratio, approximately from 2 to 4, where we observe the jump from 1 to 2. We think that this difference is highly dependent on the particular geometry. Also as the aspect ratio increases average aneurysm velocity decreases. Together with a higher old cell population, we can infer that aneurysms with higher aspect ratios are likely to be more thrombogenic.
Residence times of massless tracer particles are typically used in continuous CFD simulations to infer the locations where particle depositions may take place to form a thrombus [53, 54] . These methods are limited as they only follow the flow lines and do not properly model the cellular nature and transport properties of whole blood. In this study, we are able to see a layering of old and new RBCs and platelets inside the recirculation zone of AR1. Aneurysms in our study are red blood cell-poor and platelet-rich compared to their parental vessel populations.
We observe that pulsatile flow will affect the population of high residence cells depending on the flow regime present in the aneurysm. In the momentum-driven regime of aspect ratio 1, we observe a lower population of high residence cells compared to the steady flow case. In the shear-driven regime of AR2, AR3 and AR4, we see no significant effect of pulsatility.
We initialized each simulation both uniformly filled with cells and empty of cells. Both initializations of AR1 reach the same haematocrit state within the first heart cycle, this is due to the momentum-driven regime present in this geometry where cells are immediately washed into and fill up the aneurysms with each pulse. The shear-driven aneurysms (AR2, AR3 and AR4) exhibit an inverse exponential growth in haematocrit if initialized empty of cells and an inverse exponential decay in haematocrit if initialized filled with cells. This slow change in aneurysm haematocrit state can be attributed to slowing rsif.royalsocietypublishing.org J. R. Soc. Interface 15: 20180485 down of diffusion of RBCs from the wall to the centre of the aneurysms as shear rates decrease from the aneurysm wall to the centre of the aneurysm sac. The two initializations differ in final haematocrit states of the shear-driven regimes. However, we believe the trends shown in this paper will not change if we extend each simulation to or beyond 22 s. The trapped cell populations (figures 6 and 7) the flow regimes ( figure 5 ) and the velocity decrease as the aspect ratio increases (figure 2) will continue to have the same trends if the simulations are extended.
These two-dimensional simulations are useful as they provide a systematic sweep, at a reasonable computational cost, over aspect ratios and can help narrow the cases to study with full three-dimensional cell-resolved models. In two dimensions, however, we are limited to resolve only the major in-plane inflow properties of the aneurysms like the continuous inflow jet and the inflow jet breakdown observed in this study. Vorticity dynamics presented in this study can be different from a three-dimensional case, patient specific or otherwise. In two dimensions, we observed diffusive transport of RBCs and platelets into the aneurysms of AR2, AR3 and AR4, while in three dimensions the diffusive transport may be much faster due to out-of-plane flow fields. We anticipate that this can affect the high residence populations as a function of aspect ratio presented in this study.
This study presents the transport of RBCs and platelets into aneurysm geometries which can add a better resolution to residence times as the methods used in this paper can resolve the fluid interaction with the suspended cells. Typically this is left out with the use of massless tracer particles which only follow stream lines and do not interact with the fluid. Wall shear stress is an important property that cell-resolved simulations can help to recover more accurately for simulation studies for aneurysms. With cell-resolved simulations, the viscosity is not constant and in reality depends on both the local haematocrit and local shear. With the methods presented in this paper, one can resolve a variation of viscosity near the arterial wall due to the development of a cell-free layer. This will lead to a more accurate calculation of the wall shear stress used in flow studies in aneurysms.
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Competing interests. We declare we have no competing interests. Funding. . We chose this as it is close to physiological values [55, 56] . However, as this is a lower viscosity than the previously validated model, we rescale the coefficients of the force model by the same factor of the reduction of the plasma viscosity and re-validate the model. The force coefficients and relevant parameters of the two-dimensional model are shown in table 2. The DEM membrane model for the RBCs consists of four separate forces.
(i) A Hookean spring force acting between connecting LSP points to represent stretching and compression of the RBC.
Here, r 0 is the equilibrium spring length, e i,iþ1 is the unit vector connecting the two LSP points, and C spr is the spring constant. (ii) A bending resistance force acting on two neighbouring LSP points.
Here, n i is the normal vector of the LSP point resulting from the angle between r i and r iþ1 . f trs is the magnitude of the force which depends on the bending force constant C trs and the angles between neighbouring LSP points r i and r iþ1 . (iii) An area conservation force. Owing to the discretization of the cell, the total force may not be zero. To maintain an equilibrium cell volume (area in two dimensions), a relaxation mechanism is applied to correct for this non-zero total force.
Here, A 0 is the equilibrium cell area with C area being the area force constant. (iv) A repulsive force to prevent cells from sticking due to overlap of the IBM kernels and helps tune the emerging rheology of the suspension.
Here, C rep is the repulsion force constant, e ij is the unit vector of two LSP points of two difference cells. h cutoff is the threshold distance to ensure the repulsive force acts only if the two LSP points r i and r j are close enough to interact, otherwise h cutoff ¼ 0 which results in a force that is zero.
RBCs following this model are initialized as discs but are deflated to an equilibrium shape following an area ratio A rbc / A sphere ¼ 0.45. This area ratio and the DEM model ensures that the equilibrium shape of the RBC is biconcave. The description of the IBM kernel used to couple the DEM method to the LBM fluid is omitted because we use exactly the same kernel employed for the initial validation of this model [30] . With this model, using scaled force coefficients and plasma viscosity, we are able to reproduce the Fåhraeus -Lindqvist effect, figure 8a, and the existence of a cell free layer and its decrease in thickness with an increase of vessel diameter, figure 8b.
The Fåhraeus -Lindqvist is the decrease of the apparent viscosity of whole blood as blood vessel size decreases [58] . An empirical relationship of this effect has been derived from a comprehensive database of in vitro measurements [57] . Our model shows good agreement with the apparent viscosity curves of Pries, as shown in figure 8a. We reproduce this effect over discharge haematocrits of H d ¼ 20, 30, and 45% in straight vessels of a diameter range of 20 -140 mm. We follow the Pries validation methods used by Bagchi [59] . The results are averaged over 0.1 s, which we found to be sufficient to converge to a stable apparent viscosity value. In our simulations, like Bagchi, we found that m rel is sensitive to U mean , the mean flow velocity in our tubes, and the actual number of simulations performed is much greater than the points shown.
The thickness of the cell free layer is dependent on haematocrit and vessel size. Shown in figure 8b is the decrease of dimensionless thickness of the CFL as the vessel size increases. We calculate the cell free layer as a number density distribution across the diameter of the vessel. Our method of calculating the CFL is based on Bagchi [59] , Durlofky & Brady [60] and Zhou & Pozrikidis [61] . Here, we take horizontal segments of 1 mm in width across the entire diameter and count the number of LSP of each cell type within that segment. We assume that each LSP carries an equal fraction of the total surface area of each RBC. 
A.2. Computational resources
The simulation code used in this project, HemoCell2D, has been parallelized using MPI allowing efficient running of simulations using hundreds of compute cores. Linear scaling of the total runtime with the inverse number of processors has been shown up to 256 processors. The computational resources used for each simulation, time series shown in figure 3 , were 160 compute cores over a wall time of approximately 5 days and 12 h. This includes the integration of 853 218 LBM fluid nodes, 21 628 RBCs and 3008 platelets (values reported from the last time point of the AR1 filled simulation) in both pre-inlet and flow domains. For further details on the performance of the code please, refer to the website https:// www.hemocell.eu/hemocell2d/.
